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Abstract—This paper presents a smart bandage with wireless 
strain and temperature sensors and a battery-less Near Field 
Communication tag. Both sensors are based on conductive poly 
(3,4-ethylenedioxythiophene) polystyrene sulfonate (PEDOT:PSS) 
polymer. The highly sensitive strain sensor consists of a 
microfluidic channel filled with PEDOT:PSS in 
Polydimethylsiloxane (PDMS) substrate. The strain sensor shows 
3 order (~1250) increase in the resistance for 10% strain and 
considerably high gauge factor of ~12500. The sensor was tested 
for ~30% strain, which is more than typical stretching of human 
skin or body parts such as chest expansion during respiration. The 
strain sensor was also tested for different bending and the 
electrical resolution was ~150% per degree of free bending and 
~12k% per percentage of stretching. The resistive temperature 
sensor, fabricated on a Polyvinyl Chloride (PVC) substrate, 
showed a ~60% decrease in resistance when the temperature 
changed from 25⁰C to 85⁰C and a sensitivity of ~1% per ⁰C. As a 
proof of concept, the sensors and NFC tag were integrated on 
wound dressing to obtain wearable systems with smart bandage 
form-factor. The sensors can be operated and read from distance 
of 25 mm with a user-friendly smartphone application developed 
for powering the system as well as real-time acquisition of sensors 
data. Finally, we demonstrate the potential use of smart bandage 
in healthcare applications such as assessment of wound status or 
respiratory diseases such as asthma and COVID-19, where 
monitoring via wearable strain (e.g., respiratory volume) and 
temperature sensors is critical. 
 
Index Terms— Smart bandage, Strain sensor, Temperature 
sensor, Flexible electronics, NFC Tag, Battery-less system. 
I. INTRODUCTION 
ENSOR-LADEN wearable systems have attracted huge 
interest in recent years because of the potential they hold 
for cost-effective self-health monitoring by allowing 
measurement of key health parameters and reducing the number 
of clinician contact hours [1-3]. As non-invasive means for 
health monitoring, these digital health solutions could improve 
the adherence of individuals to medical prescription [4-6]. As a 
result, several types of wearable sensors tethered to the patients 
via cables have been explored as an alternative to the traditional 
lab-based measurement systems [7-9]. These wearable systems 
capture compelling physiological data but, for greater 
acceptance, it is also crucial that they are non-obtrusive and, in 
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this regard, there is also the need for integrating various types 
of sensors with low-power electronics and wireless radio 
communication interfaces on the same flexible and 
conformable substrate [10-13]. Herein, we present one such 
solution in a smart bandage form factor so that it conforms to 
the body, as shown in Fig. 1. The majority of such wearable 
systems have employed flexible sensors, but fully flexible or 
conformable systems, which also includes flexible electronics, 
are yet to come.  
The smart bandage consists of two types of sensors (strain 
and temperature) and a battery-less Near Field Communication 
(NFC) tag to provide wirelessly the crucial information in 
applications such as of wound assessment [14-16]. A custom 
smartphone app was also developed to provide the required 
power to the sensing tag and make real-time measurements of 
both parameters. A few examples of smart bandages reported in 
literature for wound assessment are summarised in Table S1 in 
Supplementary Information (SI). They are based on monitoring 
parameters such as pH [17-22], temperature [23-25], uric acid 
[21, 26], moisture [27], oxygen [28, 29], lactate [29], pressure 
and strain [30-33], and others [14, 15, 34, 35]. However, none 
of these smart bandages is capable of measuring simultaneously 
the temperature and strain, even if they provide the crucial 
information about wound status . For example, temperature is 
well-established marker of inflammation or infection in wounds 
and can be an early indicator of chronicity or predictor of 
healing even though wound appearances may not differ [36] 
[15] [37] [38]. Likewise, the skin strain can be used as an 
effective routine to keep track of wound closure or skin growth 
during wound healing [32, 39] [40, 41]. The application of 
controlled mechanical forces on a wound can also accelerate 
neovascularization and cellular proliferation, thus improving 
wound healing  [42]. Thus, with strain and temperature sensors, 
the presented smart bandage addresses the need for 
simultaneous monitoring of the temperature and strain. In 
addition, the presented system could be useful for monitoring 
of respiratory diseases such as asthma and COVID-19 [5, 43, 
44], where wearable strain and temperature sensors could 
provide critical information such as respiratory volume and 
body temperature [33] [45] [46]. The low-power device 
requirements [47, 48] in such IoT based systems are desirable, 
and the proposed sensors were also fabricated keeping this in 
mind. The low power consumption of the sensors and their 
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interface means that they can directly operate from the energy 
acquired by the NFC harvester. 
The presented system distinguishes from previous works by 
combining the following three main aspects simultaneously: i) 
Both the sensor and the electronics are integrated on flexible 
substrates; ii) It is able to measure simultaneously temperature 
and strain, two parameters that have been hardly ever combined 
so far for wound assessment; and iii) It implements wireless 
powering and data transmission using NFC technology, thus 
making the system compatible with any NFC-enabled 
smartphone through the custom-developed smartphone 
application. The data from sensors can be read and transmitted 
wirelessly by using technologies such as Radio Frequency 
Identification (RFID), NFC or Bluetooth. A key advantage of 
RFID/NFC technology over Bluetooth is the possibility of 
battery-less communication as the power required to operate 
sensors could be obtained with the electromagnetic (EM) field 
generated by a remote reader [49, 50]. NFC is a specialized 
subset within the family of RFID technology for short-range 
wireless systems. A distinct advantage of NFC over generic 
RFID lies in the peer-to-peer communication that can be 
achieved between an NFC-based system and any NFC-enabled 
smartphone acting as the remote reader, making this technology 
within the reach of any individual user. 
II. MATERIALS AND METHODS 
A. Strain sensor design and fabrication 
Transparent polymer PDMS was used to fabricate the strain 
sensor [51]. In this case, the microchannel was realised in 
PDMS using replica molding technique. To this end, a 10:1 
mixture of the PDMS and the cross-linker was prepared and 
mixed properly using a glass-rod. The prepared mixture was 
then degassed for 1 hr in a vacuum desiccator to remove all 
trapped air. Thereafter, the mixture was poured in a circular 
mould of diameter 5.5 cm. A metal wire (dia ~ 275µm) was 
used in the mould to create the microchannel inside the PDMS. 
The mould was then dried in a convection oven for 2 hrs at 
70⁰C. After drying, the cured PDMS was taken out of the mould 
and the wire was removed to obtain the microchannel. 
Thereafter, conducting liquid polymer PEDOT: PSS was 
injected into the microchannel using a syringe and it was then 
cured for another 3 hrs at 70⁰C. The process of injection and 
curing was repeated 3 times. The optimization was done by 
measuring the electrical resistance of the sensor each time after 
the injection and curing cycle. After this, the fabricated sensor 
was cut into a rectangular shape of dimension (3 cm × 2 cm) for 
further experiments. Commercially available cylindrical Al 
electrodes with dia ~275 µm were then inserted to both ends of 
the microchannel for electrical connections. A gap of ~1.5 mm 
was kept inside the microchannel between the two electrodes. 
B. Temperature sensor design and fabrication 
The flexible temperature sensor was fabricated using the 
conductive silver paint (RS 186-3600) on a commercial PVC 
substrate [52]. The PVC was cut into 2×2 cm pieces and two 
electrodes were formed using the Ag ink on the flexible PVC 
substrate using silver paste. The samples were then dried in a 
hot-air oven at 50⁰C for 30 mins. The gap between the two 
electrodes was ~2mm. Further, a 10 µl of PEDOT:PSS was 
dispensed in the 2 mm gap using a micro-pipette. The samples 
were then dried at 50⁰C for 1 hr in an air-oven. Thereafter, the 
samples were electrically characterised to evaluate the 
temperature response. 
C. NFC antenna design and characterization 
The main electronic component in the smart bandage 
comprises is the NFC ISO15693 sensor transponder 
RF430FRL152H from Texas Instruments (Dallas, Texas, 
USA). Details about the design and fabrication of the flexible 
Printed Circuit Board (PCB) based on this transponder can be 
found in Section II of SI. This NFC chip is optimized for 
operation in a fully passive mode to develop battery-less 
designs in portable and wireless sensing applications. This is 
achieved by harvesting energy from the electromagnetic field 
induced by an external RFID reader, which in our case was an 
NFC-enabled smartphone. The custom antenna consists of a 
planar coil whose inductance was designed together with the 
internal capacitor value (𝐶!"#) of the RF430FRL152H IC to 
 
 
Fig. 1. Overview of the NFC-based smart bandage for wireless strain and 
temperature real-time monitoring. Powering and bidirectional communication 
is achieved by means of a custom-developed smartphone application. 
 
 
 
Fig. 2.  (a) Geometric dimensions of the designed planar coil acting as NFC 
antenna; (b) Simulated magnetic flux density (T) and surface current density of 
the coil; (c) Measured frequency response of the fabricated planar inductor; and 
(d) Simulated and measured impedance and phase of the parallel LC circuit 
after attaching the external capacitor and the RFID chip. 
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achieve resonance at 13.56 MHz, which is the central frequency 
required in the NFC protocol. Considering that resonance is 
achieved at 𝑓$ = 1 2⁄ 𝜋√𝐿𝐶 and 𝐶!"#=35 pF at the frequency of 
interest, the inductance value required for the resonance of the 
tag is about 3.9 μH. However, to reduce the antenna 
dimensions, a 𝐿%"#=1.85 μH squared planar inductor was 
designed and an external capacitor of 𝐶&'#=39 pF was placed in 
parallel to 𝐶!"#to complete the resonant circuit. Initial 
inductance design was estimated through the Grover Method 
(see details in Section III of SI). 
After the initial estimation, the final dimensions and number 
of turns for our antenna were obtained through the optimization 
process with EM simulation using COMSOL Multiphysics 
(COMSOL group, Stockholm, Sweden) and Advanced Design 
Simulator (ADS, Keysight Technologies, Santa Clara, CA, 
USA). As shown in Fig. 2(a), The final designed coil antenna 
had N=7 turns with w=400 μm as conductor width, s=350 μm 
as the interspacing between the lines and overall dimensions of 
26 mm2. After fabrication, the frequency response of the 
antenna was measured using a Precision Impedance Analyzer 
4294A along with an Impedance Probe Kit 4294A1 (Keysight 
Technologies, Santa Rosa, CA, USA). Fig. 2(b) depicts the 
simulated surface current density of the designed coil and the 
magnetic field around it, while Fig. 2(c) and (d) represent the 
frequency response of the antenna before and after attaching the 
external capacitor and the RFID chip. As observed in Fig. 2(c), 
a measured value of 𝐿%"#	= 1.816 ± 0.004 µH at 13.56 MHz was 
obtained, which is close to the designed inductance value. The 
measured quality factor at the same frequency was Q = 74.9 ± 
0.3. As shown in Fig. 2(d), after attaching the external capacitor 
and the chip a maximum peak of resonance was achieved at 
13.61 MHz, very close to the targeted resonant frequency of 
13.56MHz. To enable the use of an NFC-enabled smartphone 
as the external reader for both data communication and 
powering purposes, a user-friendly Android™ application 
(SenseAble app) was developed. Details and screenshots can be 
found in Section IV of SI. The supporting video (Movie S1 in 
SI) provides a demonstration of the working tag for strain and 
temperature measurement, including examples of the options 
available in the SenseAble application. 
III. RESULTS AND DISCUSSION 
A. Strain sensing 
The developed strain sensor was characterized with a 
LabVIEW controlled strain generation set-up, and measuring 
the electrical response using a digital multimeter (Agilent 
34461A). The strain generation set-up had two holders which 
were able to move back and forth to generate uniaxial strain 
with controllable velocity in the sensor. The sensor was 
attached to the setup using the holders and thin metallic wires 
were used to make the electrical connections. A maximum of 
30% strain was applied with a velocity of VS = 0.1 mm/s. The 
strain sensor was tested for up to 30% of strain, which is the 
typical strain limit associated with human skin at different body 
parts such as fingers, wrists, knee, and elbows for the collagen 
fibres and tissues to become straitened [53, 54]. The real images 
and schematic diagram of the effect of bending are shown in 
Fig. 3(a), 3(b) and 3(c), respectively. We observed 3 order 
(∆𝑅 𝑅$⁄ 	~1250) of change in the electrical resistance of the 
sensor. The base resistance, in this case, was ~140 Ω and the 
resistance at the highest strain was ~180 kΩ. This is owing to 
the formation of defects and electrical discontinuities in the 
polymer as discussed in the following section. Fig. 3(c) shows 
the schematic illustration of the strain experienced by smart 
bandage during real-life use. If the user places the bandage on 
a body-joint or in any part of the body, then the bending of the 
sensor will directly create a strain in the sensor and hence a 
bending of angle 𝜃, as shown schematically in Fig. 3(c), would 
lead to stretching of, ∆𝑙 = 𝑙( = 2𝑤 sin(𝜃 2⁄ ), where 𝑙 is the 
length of the sensor and 𝑤 is the effective width of the bodypart. 
Hence, the correlation between the bending angle, 𝜃 and 
stretching, ∆𝑙 𝑙⁄  can be calculated using, ∆𝑙 𝑙⁄ = 𝑙′ 𝑙⁄ =
(2𝑤 sin(𝜃 2⁄ )) 𝑙⁄ , which was used to calibrate the sensor. 
Fig. 3(d) shows the temporal response of sensor for different 
stretching (10, 20, and 30%) conditions and Fig. 3(e) illustrates 
the response (∆𝑅 𝑅$⁄ ) of the sensor with respect to the applied 
strain. The electrical conductivity (𝜎) PEDOT:PSS in a 
microchannel depends on the volumetric fraction (𝑉)) of the 
defects and the percolation threshold [55, 56] or critical 
volumetric fraction of the filler (𝑉*) as 𝜎 ∝ :𝑉) − 𝑉*<
+
, where 
variable 𝑠 is the fitting parameter to best fit the experimental 
data. In this case, the effective 𝑉) of polymer PEDOT:PSS 
inside the channel reduces due to the deformation of the channel 
as it forms electrical discontinuities and defects. This can be 
explained by the electrical percolation mechanism [55-57].   
The areal fraction of PEDOT:PSS is equal to the volumetric 
fraction of the materials, i.e., 𝑉) = 𝐷) and 𝑉* = 𝐷*, where 𝐷) 
and 𝐷* are the corresponding areal fraction values, under the 
 
Fig. 3.  (a)-(b) Image of the sensor at stretched, relaxed and bending condition; 
(c) Schematic illustration of the sensor fixed on bendable  support such as 
robotic hand; (d) Response (∆𝑅 𝑅!⁄ ) of the sensor for different stretching (10, 
20, and 30%) conditions; (e) Response of the sensor with strain values, (f) 
Gauge factor (GF) (experimental and simulated) of the strain sensor for 
different strain values, (g) Hysteresis curve of the fabricated strain sensor for 
different maximum strain values. 
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assumption of uniform distribution the PEDOT:PSS inside the 
PDMS microchannel. In this case, the expansion of 
microchannel due to applied strain results in the increase in 
electrical resistance of the sensor. The electrical conductivity, 
in this case, becomes 𝜎 ∝ :𝐷) −𝐷*<
+
 or 𝑅 ∝ :𝐷) −𝐷*<
,+
 as 
the resistance and conductivity are inversely proportional (i.e., 
𝑅 = (1 𝜎⁄ )(𝑙 𝐴⁄ ), where 𝑙 is the length of the conductor and A 
is the cross-sectional area). 
In this case, the effective length and diameter of the channel 
were 1.5 mm and 175 µm, respectively. Further, the number of 
electrical discontinuities in the system (𝑁) and the magnitude 
of percentage strain (𝛾 = (∆𝐿 𝐿⁄ ) × 100) in the sensor change 
the areal fraction 𝐷) in the sensor. A linear relation,	𝑁 = 𝑚𝛾 +
𝑁$ was considered as the strain, in this case, was low [58, 59]. 
The 𝑁$ represents the initial electrical discontinuities present in 
the system; 𝑚	(= (𝐸- × 𝐴-) (𝐸. × 𝐴.))⁄  is the proportionality 
constant; 𝐸- is the young’s modulus of active material (i.e., 
PEDOT:PSS) and 𝐴- is a cross-section of the channel, 
respectively; and 𝐸. and 𝐴. are the same parameters for 
embedded material (i.e., PDMS). The value of 𝑁$ is negligible 
compared to the electrical discontinuities formed after the 
applied strain, whereas the value of	𝑚 determines the formation 
of electrical discontinuities in the low strain region. Higher 𝑚 
signifies the higher crack formation for a particular strain value. 
Similarly, the percolation threshold can be given by, 𝐷* = 𝑉* =
(𝜋𝑟.𝐿) (8𝜋𝑟.𝐿 + 𝜋𝑟𝐿.)⁄ , where 𝐿 and 𝑟 are the length and 
radius of the discontinuities, respectively. The theoretical 
results are in good agreement with the experimental values, as 
shown in Fig. 3(e). The value of the gauge factor (GF) was 
measured (~12000) and compared with the theoretical values in 
Fig. 3(f). The value of GF was considerably high compared to 
most of the previously reported resistive polymer strain sensors. 
Fig. 3(g) shows the hysteresis of the proposed strain sensor for 
10, 20, and 30% maximum strain values. The hysteresis 
response shows that the sensor is considerably good for the 
smart-bandage application. 
B. Temperature sensing 
Fig. 4(a) schematically shows the fabrication steps of the 
flexible temperature sensor as described in Section 2.2. The 
sensor is based on the fact that PEDOT:PSS is sensitive to the 
temperature. The rise in temperature increases the rate of carrier 
mobility in the material and thus the resistance decreases.  
The PEDOT:PSS based temperature sensor was tested for a 
temperature range of 25-85⁰C, which covers typical 
temperatures at wound sites [25, 60, 61]. Despite a large range 
of operation, the sensor will mostly operate in the range of 30-
50⁰C. In this case, the skin temperature around the wound could 
be a potential indicator of the wound status. The sensor was 
characterized using a hotplate having a digital display and a 
LabVIEW-enabled digital multimeter. The temperature 
sensitive PEDOT:PSS with two Ag electrodes was placed on 
the digital hotplate and the temperature was varied from 25 to 
80 ⁰C. It was found that the resistance was decreasing with the 
increase in temperature, as illustrated in Fig. 4(b). The sensor 
was left for some time to saturate before the temperature of the 
hotplate underneath was increased to a higher value. The 
resistance decreases and reaches a stable state in about 5-8s for 
a temperature increase of ~5⁰C from 40⁰C to 45⁰C, as shown in 
Fig. 4(c). Further, the sensor was exposed to different 
temperatures and the response (𝑅 𝑅$⁄ ) was recorded. Fig. 4(d) 
shows the change in 𝑅 𝑅$⁄  with temperature and Fig. 4(e) shows 
the same for normalised conductance (𝜎 𝜎$⁄ ). In this case, the 
change in normalized conductance showed a good quadratic fit 
with the variation in temperature. The dependence of 
conductance with temperature can be expressed as a second-
order equation, 𝑌	 = 𝑎𝑥. + 𝑏𝑥 + 𝑐 as shown in Fig. 4(e), where 
𝑎	 = 3.8 × 10,/, 𝑏	 = 0.66 × 10,/, and 𝑐	 = 0.51. In 
literature also, a quadratic relation between resistance and 
temperature has been previously reported [62, 63]. However, 
the resistance, in this case, is linear with temperature (𝑌 =
𝑚𝑥 + 𝑐() as shown in Fig. 4(d), where 𝑚 = 7.4 × 10,0and 
𝑐( = 1.12. The resistance changed about 45 Ω for a change of 
5 °C from 40 °C to 45 °C, while the noise was ~2.2%. This 
value was calculated by measuring the fluctuations of response 
from the linear fit and the temperature resolution, i.e., the 
minimum difference between two detectable consecutive 
temperature values was calculated to be ~2 °C. 
C. Smart bandage design and operation 
The circuit and system-level block diagrams of the developed 
smart bandage system are shown in Fig. 5(a) and 5(b), 
respectively. The RF430FRL152H transponder was used as the 
interface between the two sensors and the SenseAble 
smartphone application for sensor data acquisition and 
transmission. For that purpose, two different interfaces were 
needed. The ISO/IEC 15693 compliant RFID interface was 
used for wireless programming, configuration, and bi-
directional data communication. To achieve this, the designed 
flexible loop antenna was connected to the RF analogue front-
 
 
Fig. 4. (a) Schematic illustration of the fabrication steps of the flexible 
temperature sensor, (b) the change in the sensor response (𝑅 𝑅!⁄ ) with time (t); 
(c) the response (𝑅 𝑅!⁄ ) of the sensor for a temperature increase of ~5⁰C, from 
40⁰C to 45⁰C; (d) the response of sensor at different temperature values (T), (e) 
change in normalized conductance (𝜎 𝜎!⁄ ) with temperature. 
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end of the chip using ANT1 and ANT2 pins. The battery-less 
operation of the smart bandage was achieved through 
electromagnetic energy harvesting upon the approach of the 
RFID reader, which in our case was an NFC-enabled 
smartphone running the custom application SenseAble. Since 
both the strain and temperature sensors do not require any 
external power for their operation, the harvested energy was 
used only to power the chip and its internal functional blocks. 
The interface between the sensors and the RF430FRL152H 
transponder was done through a resistive sensor bias interface, 
which uses an internal 14-bit sigma-delta analogue-to-digital 
converter (ADC) and a Programmable Gain Amplifier (PGA) 
featuring a very high-impedance input and a programmable 
gain combined with full offset compensation, very low offset 
drift, and low noise. As shown in Fig. 5(a), a voltage divider 
was implemented as the conditioning circuit for strain sensor. 
One end of the resistor 𝑅- was connected to VDDSW, a 
regulated output voltage of 𝑉11+2~1.5	𝑉 with a current up to 
450 µA (i.e., ~675 µW) that the chip can provide with an 
adequate EM field from the RFID reader. The other end of 𝑅- 
was connected to the strain sensor (𝑅+#3%!") and one of the 
analogue-to-digital converter inputs (ADC0). The other 
terminal of  𝑅+#3%!" was grounded to SVSS with the virtual 
ground setting enabled on the chip. Using this option, the 
voltage at SVSS is raised to approximately 125 mV to prevent 
minor errors due to the non-linear behaviour of the ADC near 
the ground. More details regarding the implementation of the 
circuit for the strain acquisition can be found in Section V of SI. 
The temperature sensor (𝑅#&45) was connected between 
ADC2 and SVSS. To get more accurate temperature 
measurements, a reference resistor (𝑅3&) = 100	𝑘Ω) was also 
used and connected between ADC1 and SVSS. The temperature 
measurement approach was different from the strain sensing in 
that a current source was applied to the temperature sensor 
(ADC2) and reference (ADC1) pins to determine their 
resistances. Typically, an output current of  ~2.4 µA is applied 
by the chip to both pins according to the specifications, but the 
exact amperage of this current source can vary from device to 
device. Using the known resistor 𝑅3&), the accurate current 
level through both pins can be determined, and thus a precise 
voltage calculation can be performed. Section IV in SI contains 
more details regarding the procedure for the temperature 
sensing acquisition and calculations. For the sampling of both 
sensors, a digital decimation filter was programmed after the 
14-bit sigma-delta converter to achieve noise reduction. It 
consisted of a cascaded integrator-comb (CIC) filter whose 
decimation ratio was programmed to 256. This resulted in a 
conversion time of 128 ms, which was quick enough for our 
application. The chip was programmed to sequentially sample 
the voltage values at the three ADC pins, storing them in 
specific locations of the FRAM. Those memory locations were 
then accessed by the SenseAble application through NFC 
commands, and the voltage values were converted to strain and 
temperature values using the abovementioned calibrations. To 
develop the program that conducts the readout routine in the 
chip, Code Composer Studio (CCS) version 7.4 was used. The 
firmware was uploaded to the RF430FRL152H ROM using 
Over the Air programming (OTA) through a TRF7970A RFID 
reader from Texas Instruments.  
As a proof of concept, Fig. 5(c) shows a photograph of the 
complete system attached on a human arm, where the flexible 
passive tag (Fig. 5(d)) has been integrated along with the 
temperature and strain sensors in a standard wound dressing. 
The transparent adhesive surgical tape was used to protect the 
whole structure from the environment. Given the modular 
 
 
 
 
Fig. 5.  Circuit (a) and system-level (b) block diagram of the developed smart 
bandage for wireless strain and temperature monitoring. Photographs of (c) the 
NFC-based smart bandage attached on the arm as a proof of concept for 
wireless strain and temperature monitoring using the custom smartphone 
application; (d) The NFC tag fabricated in flexible polyimide and embedded in 
PDMS; and (e) The smart bandage attached on a hollow cardboard cylinder for 
the bending tests. 
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design of the system, the temperature and strain sensors can be 
placed at different and more convenient locations than the ones 
showed in the photograph, thus adapting to the specific 
requirements in each case. For instance, the temperature sensor 
could be placed below the wound dressing to get more in 
contact with the skin. The supporting video (Movie S1 in SI) 
provides demonstrations of the working tag for strain and 
temperature monitoring and its operation with the custom 
developed SenseAble smartphone application.  
The typical reading distance of an NFC tag is between 1 cm 
and 5 cm if the tag is scanned with a mobile phone as a reader. 
Several factors can affect the performance, including the 
technology within the NFC chip, the tag antenna size and 
design, the tag quality, and the reader antenna. In flat position 
and with the Xiaomi Mi6 smartphone used in this work (Xiaomi 
Inc., Beijing, China), a maximum vertical reading distance of 
43 mm was achieved. Several curvatures were tested to study 
their impact on the tag´s reading distance. For that purpose, the 
tag was bent by fitting it to the convex surfaces of hollow 
cardboard cylinders with different radii (R). Selected cylinder 
radii were R = 100 mm, 50 mm, 20 mm and 10 mm. As an 
example, Fig. 5(e) shows the case of R = 20 mm. The bending 
angle (θ) in radians can be calculated as the component´s length 
in the curvature direction (L) divided by the cylinder radius (R). 
The length was considered to be L = 26 mm, which is the size 
of the designed squared antenna. Therefore, for the selected 
radii the bending angles were in the range from ~15º up to 
~150º. These values are equivalent to the bending required to 
conform to human limbs, for example, R = 100 mm and 20 mm 
are equivalent to the approximate curvature of an adult thigh 
and finger respectively. The reading distance was reduced with 
the bending radius, being 40 mm for the case R = 100 mm down 
to 23 mm for R = 10 mm. In the intermediate cases of R = 50 
mm and 20 mm, the measured reading distances were 35 mm 
and 32 mm, respectively. Although the previous results were 
taken off-body, no major differences were observed in the 
reading distance when the tag was attached to different human 
body parts. For instance, maximum reading distances of 41 mm, 
38 mm and 25 mm were measured with the tag attached to a 
thigh, a wrist, and a thumb, respectively. 
Finally, the smart bandage was tested as a proof of concept on 
a medical anatomic mannequin for wireless monitoring of chest 
expansion and contraction during respiration using the strain 
sensor [64, 65]. This can be of particular interest for wireless 
assessment of respiratory diseases such as asthma and COVID-
19. For that purpose, the smart bandage was placed on the chest 
of a cardiopulmonary resuscitation (CPR) manikin, as observed 
in Fig. 6(a). The CPR manikin was used in conjunction with 
GlasVent, which is a low-cost, emergency, DIY (Do it 
Yourself) ventilator developed by our group [44]. As shown in 
Fig. 6(a), GlasVent is an automated version of manual 
resuscitator device commonly known as bag mask ventilation 
(BVM or AMBU bag), which is widely used by clinicians prior 
to initiating the mechanical ventilation. With the smart bandage 
fixed to the chest, respiration could be wirelessly monitored 
using the SenseAble app by the upward and downward slopes 
of the relative resistance associated with inhalation and 
exhalation (chest expansion and contraction), as observed in 
Fig. 6(b-c). The supporting video (Movie S2 in SI) provides 
demonstration of the real-time wireless monitoring of chest 
expansion and contraction during respiration using the 
developed smart bandage and GlasVent on a CPR manikin 
IV. CONCLUSION 
In summary, a flexible and conformable smart bandage is 
presented for wireless strain and temperature sensing. Both 
strain and temperature sensors were integrated with a battery-
less Near Field Communication (NFC) tag-based on a flexible 
polyimide substrate. The PEDOT:PSS polymer-based sensors 
are disposable and demonstrated considerably good 
performance for this application. The microchannel based strain 
sensor was fabricated using PDMS and PEDOT:PSS and it 
showed an average gauge factor (GF = (∆𝑅 𝑅$⁄ ) (∆𝐿 𝐿⁄ )⁄ ) of 
~12500 which is considerably high for this application. An 
electrical resolution of ~150% per degree of free bending and 
~12k% per percentage of stretching was observed for the said 
strain sensor. Similarly, the PEDOT:PSS based temperature 
sensor showed a ~70% decrease in resistance for a temperature 
change from 25⁰C to 90⁰C with a sensitivity of ~1.2% for each 
⁰C change in temperature. Further, the proposed tag was 
battery-less and was powered using the electromagnetic field 
from a standard NFC-enabled smartphone. The sensor real-time 
data was recorded and processed using a user-friendly custom-
developed smartphone application – the SenseAble app. The tag 
 
 
 
Fig. 6.  (a) Experimental setup for the wireless monitoring of chest expansion 
and contraction during respiration using the smart bandage and the GlasVent 
ventilator in a medical CPR manikin; (b) Sensor response over time measured 
by the smart bandage associated with the inspiration and expiration cycles 
during respiration. In this case, the resistance of the strain sensor was 
normalized to the maximum resistance obtained during the chest expansion due 
to inhalation; (c) Detailed view of one breath cycle consisting of two-time 
components, i.e., inspiration (I) and expiration (E). 
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was also integrated with a standard wound dressing. The 
minimum reading distance of ~25 mm was achieved after the 
smart bandage attached to the human limb. However, the 
maximum reading distance was observed to be ~43 mm for the 
tag in flat position. This tag can be used in different healthcare 
applications for wirelessly monitoring of wound status or 
respiratory diseases such as asthma and COVID-19, where 
monitoring via wearable strain (e.g., respiratory volume) and 
temperature sensors is critical.  
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